INTRODUCTION
Metallic biomaterials have been widely used as orthopedic implants. Traditionally, there is a focus on improving the corrosion resistance of metallic biomaterials, not only because corrosion determines the service life of devices, but also due to the side effects caused by the corrosion products [1] [2] [3] . In some clinical applications, such as fracture treatment, permanent metal implants are not necessary or even disadvantageous [4] . Degradable biomaterials would be much more suitable for temporary implants, which could assist in bone healing and gradually dissolve without implant residues, and hence a second surgery for implant removal can be avoided.
Magnesium alloys are promising candidates for temporary implants [5] [6] [7] [8] [9] . Magnesium alloys can corrode gradually in physiological environment. The releasing of magnesium is not harmful but beneficial to new bone growth around the magnesium implants. Excessive magnesium will be excreted in the urine. For orthopedics, magnesium alloys have high specific strength and its elastic modulus is close to bone which helps to eliminate the stress shielding effect. For orthopedic use, a slow homogeneous corrosion, adequate mechanical strength as well as the sufficient biocompatibility was recommended for magnesium alloys.
A number of magnesium alloys have been under investigation. Aluminum (Al) and rare earth elements (REEs) were usually used to elevate the strength of magnesium and to reduce the corrosion rate. Some Aland REEs-containing alloys, such as AZ91 [10] , LAE442 [10, 11] , WZ21 [12] and Mg-Nd-Zn-Zr [13] , were tested. Al is a well-known neurotoxicant and associated with dementia and Alzheimer's disease [14] . Highly concentrated REEs were observed in different inner organs in rabbits after long-term implantation of rare earth-containing magnesium alloys [11] . Hence, the inclusion of Al and REE in magnesium alloys is controversial from a medical point of view. The elements that exist in the human body and also retard the corrosion of magnesium alloys are promising candidates for alloying. Calcium is one of the major components in human bone and the release of Ca ions may improve the bone healing process. Our previous study on binary Mg-Ca alloys reported the dose-dependent effect of Ca on the materials' mechanical and corrosion properties [15, 16] . The corrosion of Mg-Ca alloy was reduced by the addition of Ca up to 1 wt.%, while higher Ca addition resulted in increased corrosion rate [15] . Zinc is an essential trace element in human body and has basic safety for biomedical use. Additionally, zinc contributes to the overall strength of magnesium alloys due to the solid solution and precipitation strengthening effect [17] . Yan et al. [18] demonstrated that Mg-Zn alloy performed better than Ti3Al-2.5V by promoting healing and reducing inflammation. Based on the aforementioned considerations, several Mg alloys have been investigated with the addition of different contents of Ca and Zn [19] [20] [21] [22] . All the previous studies acknowledge the biosafety of Ca and Zn addition in magnesium and support the great potential of Ca-and Zn-containing magnesium alloys for implant applications.
Our previous study has demonstrated that Mg-5.25Zn-0.6Ca alloy may offer a good combination of high strength and simultaneously high ductility. The yield strength ranged in 130-250 MPa, tensile strength ranged in 220-330 MPa and the elongation ranged in 12%-27% [23, 24] . The mechanical properties meet the requirements of magnesium alloys for bone use [13] . The purpose of this study is to investigate the in vitro and in vivo corrosion as well as the biocompatibility of Mg-5.25Zn-0.6Ca alloy to take further insight into the feasibility for orthopedic application.
EXPERIMENTAL SECTION

Materials preparation
The material used in this investigation was an extruded Mg-Zn-Ca alloy having a composition of Mg-5.25wt.%Zn -0.6wt.%Ca. The cast ingot was indirect-extruded with an extrusion ratio of 20:1 at 300°C. The specific processing route and microstructures of extruded Mg-Zn-Ca were described in our previous work [15, 23] . Disk samples, with 12.0 mm in diameter and 2.0 mm in thickness, were cut from the extruded bars for the in vitro corrosion and cell culture experiments. Cylindrical rods with 0.7 mm in diameter and 5.0 mm in length were machined from the extruded bars as intramedullary nail for implantation in mice. Each sample was mechanically polished with SiC paper up to 2000 grit and ultrasonically cleaned in acetone, absolute ethanol and distilled water for 10 min each. All samples were sterilized by ethylene oxide (ETO) before testing.
Corrosion test
The corrosion behavior of magnesium alloys is very sensitive to the aggressive environment. It was reported that the corrosion rates varied by a factor of 100, depending on the different compositions of solutions, i.e., buffer, protein [25] . Therefore, five test solutions including Hank's solution, minimum essential medium (MEM) and those solutions supplemented with different concentrations of fetal bovine serum (FBS) were used. The ion concentrations in the five solutions are presented in Table 1 .
The hydrogen evolution tests were carried out in the five solutions following the protocol described in our previous studies [26] [27] [28] . 0.2% Sodium azide was added in the medium to kill the bacterial and the solutions were changed every 2 days. The temperature was kept at 37 ±0.5°C in the water bath. After 7 days immersion, the samples were removed from the solution, rinsed with distilled water and dried in warm air. The corrosion products were removed in chromic acid for 20 min. In addition, changes in the surface morphologies and compositions of the samples after corrosion were observed by an environmental scanning electron microscope (ESEM, Quanta 200FEG) equipped with an energy dispersive spectrometer (EDS). An average of three measurements was taken for each group.
Cytotoxicity tests
Human osteosarcoma cells (MG63) were used in the in vitro cell culture experiments. They were cultured in MEM, 10%FBS, 100 U mL −1 penicillin and 100 μg mL −1 streptomycin in a humidified atmosphere with 5% CO 2 at 37°C. The cytotoxicity of the material was evaluated by both the indirect and direct cell assays. For the indirect cell assay, extracts were prepared with a surface area to extraction medium ratio of 1 mL cm −2 in a humidified atmosphere with 5% CO 2 incubation. The supernatant fluid was withdrawn, centrifuged and then diluted into 50% and 10% concentrations. MG63 cells were incubated in 96-well cell culture plates at 3×10 4 cells/mL in each well for 24 h to allow attachment. The medium was then replaced with 100 μL extracts. 100 μL MEM+10%FBS medium was used as a negative control and 100 μL 10% dimethyl sulfoxide (DMSO) medium was used as a positive control. After 1, 3 and 5 days culture periods, 10 μL 3-(4,5-dimethyl-2-thiazolyl)-2,5-diphenyl-2H-tetrazolium bromide (MTT) was added to each well followed by incubation for 4 h, and then 100 μL formazan solubilizing solution (10%SDS in 0.01 mol L −1 HCl) was added to each well. After further incubation overnight, the spectrophotometric absorbance of each well was measured by a microplate reader (Bio-RAD680) at 570 nm with a reference wavelength of 630 nm.
For the direct cell adhesion assay, 1 mL cell suspensions were seeded onto the samples at a cell density of 5×10 4 cells/mL. After 1 and 3 days culture, the samples were rinsed with PBS for three times and then fixed in 2.5% glutaraldehyde solution for 2 h at room temperature. The samples were then dehydrated in a gradient ethanol/distilled water mixture (50%, 60%, 70%, 80%, 90% and 100%) for 10 min each. The morphologies of the cells adhered to the surfaces of samples were observed by ESEM. ) and xylazine (10 mg kg −1 ) for surgery and the left knee of mice was scrubbed with 25 g L −1 tincture of iodine and 70% ethanol. The Mg-Zn-Ca alloy rods were implanted into predrilling holes (0.7 mm in diameter and 5 mm in length) in the left femur along the axial of shaft from distal femur. The predrilled bone tunnel was left empty as the control group. The wounds were then carefully sutured and the mice were housed in an environmentally controlled animal care laboratory after surgery. The change of serum magnesium, zinc and calcium was measured 4 weeks post-surgery, in comparison with the control group.
Surgery
Radiographic and micro-CT evaluation
The sequential radiographs of the distal femur were taken (30 kV, 3 s) for general inspection of healing process every week post-operation. An in vivo micro-computerized tomography (micro-CT, Viva CT40, Scanco Medical AG, Brüttisellen, Switzerland) with a voxel size of 20 μm was used to monitor the degradation of magnesium implants and bone healing in the distal femur of mice every week over 4 weeks post-operation. The two-dimensional (2D) images were acquired directly from the scanning and the three-dimensional (3D) structure was reconstructed by the volume of interest (VOI) where an optimized threshold was used to isolate the bone and implants from the background. The volume changes of implants were measured on the digitally extracted tissue to calculate the in vivo corrosion rate [27] . The bone mineral density (BMD) and the cortical bone thickness were also determined.
Histological evaluation
Four weeks post-operation, the explanted femurs were . . . . . . . . . . . . . . . . . . . . . . . . . . . 
Statistical analysis
Statistical analysis was conducted with SPSS 10.0. Differences between groups were analyzed using an analysis of variance (ANOVA). Statistical significance was defined as p<0.05.
RESULTS AND DISCUSSION
In vitro corrosion of Mg-Zn-Ca alloy Five simulated body fluids were used to evaluate the in vitro corrosion of Mg-Zn-Ca alloy. The resulting corrosion behaviors vary significantly depending on the used solution, as shown in Figs 1 and 2 . Mg-Zn-Ca alloy exhibits fast corrosion in Hank's solution, with a rough corrosion product layer and broad distribution of corrosion pits beneath the corrosion product layer (Fig. 2a) after 7 d corrosion. Compared to the Hank's solution, a lower corrosion rate is observed for the samples immersed in MEM (Fig. 1) . In contrast to the strong localized corrosion attack observed for samples in Hank's solution, the samples in MEM show a more uniform corrosion attack and less distribution of corrosion pits (Fig. 2d) . This phenomenon might be related to the increased concentration of bicarbonate from 4.2 mmol L , MgCO 3 was fast precipitated on magnesium surface and suppressed the pitting corrosion [30] . Wagener and Virtanen [31] found high amount of carbonate groups on the surface of magnesium after immersion in DMEM, which may suggest the formation of MgCO 3 . In addition, the lower concentration of chloride ions (Table 1 ) may contribute to the slower corrosion rate in MEM than in Hank's solution, since it is known to be notorious for the corrosion of magnesium. Furthermore, Wagener and Virtanen [31] revealed the formation of a double-layered corrosion product layer on magnesium after immersion in DMEM in air, consisting of an inner porous layer and a compact outer layer. The compact outer layer composing of calcium phosphate compounds reduced corrosion significantly.
The addition of serum into the Hank's solution results in a significantly reduced corrosion rate of the samples (Fig. 1 ) as well as a more uniform corrosion surface morphology. Compared to the samples in Hank's solution, a relatively even and thin corrosion product layer is observed on the samples' surface with obvious scratch and intermetallic (arrows in Fig. 2b1, c1) . Moreover, less corrosion pits was seen on the samples' surface in Hank's +FBS solution (Fig. 2b2, c2 ). The EDS results indicate the significant reduction of O, Ca and P weight percentage as well as the increment of Mg intensity on the samples' surface in Hank's+FBS solution (Table 2) , demonstrating the less corrosion product precipitation. Moreover, the corrosion rates of the samples decrease with increasing amount of serum concentration (Fig. 1) . Serum or proteins certainly influence the magnesium corrosion by chelation reactions with Mg 2+ and accelerate the dissolution of magnesium [32, 33] . On the other hand, proteins would also adhere on magnesium to form a proteincontaining protective layer against corrosion [32, 34] . Both of these effects depend on the nature of magnesium surface and protein in question. The slower corrosion rates are also observed due to the addition of serum in MEM.
In vitro and in vivo biocompatibility of Mg-Zn-Ca alloy
To evaluate the cytocompatibility of Mg-Zn-Ca alloy, both the extract and direct assay were carried out (Fig. 3) . Severe cytotoxicity is observed for 100% extract. Similar phenomenon was also reported for 100% magnesium alloy extract, because of the alkaline stress, osmolality [35] or magnesium concentration [36] . After 2 and 10 times dilution, the cytotoxicity is reduced and at Grade 0-1 (see Fig. 3a ). In addition, MG63 cells were directly seeded on the Mg-Zn-Ca substrate. Cells attach well on the samples' surfaces with flattened spindle shape after 1 d culture and substantial cell proliferation is observed by day 3, as shown in Fig. 3b, c .
In vivo, all the animals were in a good general condition until sacrifice, indicating no systemic effects of the MgZn-Ca alloy. Fig. 4a shows the radiographs of distal femora with Mg-Zn-Ca implants 0-4 weeks post-surgery. The nature of magnesium degradation is associated with hydrogen gas evolution, which is detectable as the low density shadow in the soft tissue around the implant. The gas shadow is more obvious in the 2D micro-CT tomographs and we observed the gas release right after surgery (Fig. 4d) . The gas is generated within bone and spreads from bone to more loose soft tissue, i.e., subcutaneous tissue. Thus the subcutaneous emphysema was observed, which might lead to the displacement of neighboring tissue and the degrading implants [15, 27] . A small amount of hydrogen gas release is tolerable because the gap between tissues and implants can be refilled with cells afterwards [20] . However, excessive hydrogen evolution in vivo reduced the survival rate of rats with magnesium implants [37] . In the present study, the gas can be quickly exchanged with the surrounding tissue [38] and vanishes without a special treatment. The gas evolution is limited and thus no adverse effect due to the gas formation is detected during the implantation period. At the same time, peri-implant periosteal reaction is observed since the second week post-surgery (see Fig. 4c ). one week post-surgery, the surface of the distal femur was smooth. Some new bone formation was observed in the next two weeks. At week 4, the newly formed bone was integrated and formed a relative smooth surface. From the 2D tomographs of cross-sections of the distal femur, we could see the circumferential osteogenesis with increased cortical bone thickness (Fig. 4d) . The peri-implant cortical bone thickness was significantly higher than that of the control 2 weeks post-surgery (p<0.05) and the bone thickness increased with increasing implantation period (Fig. 5a) . The micro-CT results show that the thickness of peri-implant cortical bone is~550±70 μm at week 4. There is no significant difference of peri-implant BMD in the Mg-Zn-Ca alloy and the non-implanted control group during the four weeks implantation period (Fig. 5b) .
The histological observation at week 4 post-surgery also shows higher cortical bone thickness (Fig. 5c, d) for the Mg-Zn-Ca alloy group. Additionally, the new bone formation is also observed in the vicinity of implants in the medullary cavity and periosteal area, which is not seen in the control group. An explanation for the new bone formation is the increased concentrations of magnesium in combination with an increase in local pH values, which would enhance the nucleation rate of apatite and improve the mineralization [20, 27] . Similarly, a stimulating effect and a significant enhancement in bone formation were ARTICLES . . . . . . . . . . . . . . . . . . . . . . . . . SCIENCE CHINA Materials   624 . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . also observed around the magnesium implants in previous studies [11, 15, 20] .
In this study, the daily released magnesium is 0.5 mg cm −2 day −1 , which is far below the daily allowance of magnesium uptake 0.7 g day −1 [39] . At week 4 postsurgery, there is no statistically significant difference (p<0.05) of serum magnesium between the magnesium group (20.4±0.4 μg mL −1 ) and control (21.7±0.7 μg mL −1 ). The stable serum magnesium level attributes to the homeostatic control of serum magnesium concentrations by kidney and/or bone, which provides a reservoir of large concentrations of magnesium to buffer acute changes in serum magnesium [20] . Moreover, the serum zinc and calcium showed no statistically significant difference (p< 0.05) between the control group (Zn 0.04 ±0.03 μg mL −1 , Ca 7.39±0.27 μg mL Table 3 compares the in vitro and in vivo corrosion rates of Mg-Zn-Ca alloys. The in vivo corrosion rates start with 1.4 mm y −1 1 week post-surgery but decrease to 0.80 mm y −1 4 weeks post-surgery, indicating that the implants corrode significantly more rapidly in vivo than the samples tested in different solutions. The significantly higher in vivo corrosion rate is not expected. Generally, the in vitro corrosion rates are lower for in vivo than in vitro. For example, previous studies based on pure magnesium and magnesium alloys (AZ31, Mg-0.8Ca, Mg1Zn, Mg-1Mn and Mg-1.3Ca-3Zn) showed the in vivo corrosion rates tended to be lower than the in vitro results tested in EBSS, MEM and MEM with protein [40] . An explanation for the elevated in vivo corrosion rate in the present study may involve the trabecular bone and intramedullary implant region selected for implantation. Trabecular bone and medullary cavity are rich in blood supply. Krause et al. [41] indicated that the residual WZ21 implants were visible in cortical region, but not in the intramedullary or the soft tissue contact area after 36 weeks implantation. Willbold et al. [42] observed that RS66 implants corroded most rapidly in subcutaneous regions followed by intramuscular and intraosseous locations and concluded that the in vivo corrosion rates of magnesium alloys are highly dependent on the local blood flow. Moreover, the surgical trauma generated by the drilling process may also contribute to the increased corrosion rate in vivo. After the surgical trauma, the oxygen tension and local pH would be reduced and re- sulted in fast corrosion. Furthermore, Ulmann et al. [43] found defects on the surface of intramedullary implantations of LAE442 alloys and the defects led to the faster initial corrosion than the intact implants. In the present study, the implants were tapped in the narrow predrilled bone tunnel, which could have scratched the implant's surface and caused fast initial corrosion [44] . Therefore, we concluded that the implant regions and possibly the surgical procedure resulted in the increased in vivo corrosion, compared with the in vitro corrosion of Mg-Zn-Ca alloy. Further investigation is needed to explore the reasons for the different in vitro and in vivo corrosion of magnesium alloys.
In vitro vs. in vivo corrosion of Mg-Zn-Ca alloy
CONCLUSIONS
In this study, in vitro and in vivo corrosion performance and resulting biological response of the Mg-Zn-Ca alloy were studied to evaluate its potential as a biodegradable orthopedic material. The alloy exhibited different corrosion rates as well as corrosion morphologies in five solutions. With the addition of serum, the alloy showed improved pitting resistance and decreased corrosion rate. The corrosion rates of alloy decreased with increasing serum concentration. The slowest corrosion rate and homogeneous corrosion morphology was observed for alloy in MEM containing 10% FBS. The alloy showed no toxic risks to MG63 cells in 50% and 10% concentration of extracts. MG63 cells could adhere, spread and proliferate on the alloy's surface. The animal studies reveal a promising in vivo biocompatibility of the Mg-Zn-Ca alloy, with increased new bone formation and an acceptable host response. However, Mg-Zn-Ca alloy exhibits fast corrosion in medullary cavities and the corrosion should be further reduced for clinical use.
